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Abstract. Diabetes is one of the most prevalent and chronic
diseases worldwide and one of the fastest growing global health
emergencies of the 21st century. Since diabetes is a multisystem
disease that requires complex treatment, regular analysis of the
health condition of patients with diabetes is necessary. With the
development of wearable medical systems for monitoring hu-
man health, there is a huge potential for testing and, as a result,
improving diabetes treatment. The purpose of the present review
is to evaluate current developments in wearable biosensors for
type 2 diabetes for personalized medicine. In particular, we will
consider possibilities of sweat testing for noninvasive analysis of
glucose levels in sweat and, consequently, in blood. Wearable
biosensors, as a convenient means of measurement, have be-
come a rapidly growing area of interest due to their ability to
integrate traditional medical diagnostic tools with miniature
laboratory-on-body analytical devices. Diabetes is best treated
through tight glycemic control by monitoring glucose levels.
The availability of regular testing for an individual’s condition
is of great importance. Recently, various methods for sensory
analysis of diabetes biomarkers have been developed based on
new principles, in particular, using various carbon materials
(carbon dots, graphene, and carbon tubes). These methods are
discussed in this review.
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1. Introduction

Diabetes is a chronic disease and one of the fastest growing
global health emergencies of the 21st century. According to
the International Diabetes Federation (IDF), global diabetes
prevalence in 2019 was estimated to be 463 million people,
rising to 573 million people in 2021 (10.5% of the global
population at the time). By 2030 and 2045, IDF projections
show that the number will reach 643 million and 783 million,
respectively (Figs 1 and 2) [1]. This circumstance makes
glucose monitoring relevant and extremely important, as a
result of which a huge amount of diverse research and
development is happening [2-4]. The debate about the
correlation between glucose levels in alternative biological
fluids (for example, tears, saliva, sweat) and blood remains
open and topical [5]. In addition, the availability of biosensors
and their efficiency is an important factor for their applica-
tion. The development of existing and novel approaches to
noninvasive biofluid-based glucose monitoring, the reliability
of which is comparable to that of blood testing, provides a
particularly attractive prospect for patients using daily
glucose monitoring, i.e., an important part of the diabetes
treatment process in the future.

The concept of a glucose sensor was first proposed in 1962
by Clark and Lyons [6], who described an amperometric
electrode for determining blood glucose through an enzy-
matic method, using glucose oxidase (GOx). The GOx enzyme
catalyzes the oxidation of glucose, leading to the formation of
hydrogen peroxide, the concentration of which is propor-
tional to that of glucose [2, 7-9], as shown in equation of the
chemical reaction (1):

Glucose + H; + H,O SIS gluconic acid + H,0, . (1)
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Figure 1. (a) Data on the number of people with diabetes and (b) forecasts for the disease until 2045 according to the 10th edition of the 2021 Diabetes
Atlas of the International Diabetes Federation. The year when the forecast was made is shown under the corresponding square.
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Figure 2. Data on the number of people with diabetes in different countries according to the 10th edition of the 2021 Diabetes Atlas of the International

Diabetes Federation.

First-generation blood glucose monitoring systems used
oxygen as an electron acceptor, sensing glucose concentra-
tions by either oxygen consumption or hydrogen peroxide
production [2]. In 1967, Updike and Hicks [7] proposed an
electrochemical biosensor based on enzymes immobilized on
the electrode surface. In 1973, Guilbault and Lubrano [8]
constructed an enzyme electrode for the determination of
glucose by amperometric measurement of the hydrogen
peroxide produced. It was not until 1975 that the first sensor
for direct glucose measurement was proposed. In fact, Clark
and Lyons’s technology was transferred to the Yellow Spring
Instrument Company, which launched the first glucose
analyzer based on a platinum electrode for clinical use.
Figure 3 shows that, starting in the 1960s, the develop-
ment and application of glucose sensors in the medical field
has attracted significant interest in both science and industry.
The above-mentioned glucose sensors were the ‘first-genera-
tion’ devices that relied on an oxygen electrode and the

production and detection of hydrogen peroxide. The Clark
oxygen electrode is a platinum cathode and concentric silver
anode that allows oxygen concentration to be measured in a
liquid using a catalytic reaction on the platinum surface. In
addition, temperature, pH, humidity, and pesticides appar-
ently influence enzyme activity [10]. Disadvantages of using
an enzymatic assay for glucose determination are the
relatively high cost, time-consuming fabrication of struc-
tures, instability, and denaturation of glucose oxidase. To
address these issues, a variety of enzyme-free sensors have
been explored to improve electrocatalytic activity and
selectivity for glucose oxidation, consistent with a move
toward ‘second generation’ glucose sensors.

Intense efforts over the past decades have focused on the
development of so-called ‘second generation’ mediator-based
glucose sensors [11, 12], the introduction of commercial
glucose meter strips, and the use of further modified
electrodes to improve sensor performance [13]. Advances
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Figure 3. Milestones in the development of glucose sensor systems [4].
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have been achieved by replacing oxygen with a synthetic
electron acceptor (mediator) capable of transporting elec-
trons from the enzyme center to the electrode surface. A
mediator is a low molecular weight analogue of an enzyme. In
second-generation enzymatic sensors, enzymes instead of
oxygen transfer electrons to artificial electron acceptors to
avoid interference from other redox reactions. The reacted
artificial electron acceptors are monitored electrochemically.
These mediator—based sensors increase the rate of electron
transfer between the electrode and the enzyme. Nanostruc-
tured metal oxides and semiconductors have been widely
explored at this stage to develop biosensors with high
sensitivity, fast response time, and stability for glucose
detection through electrochemical oxidation. Thus, ZnO,
Cu(I)/(II) oxides, MnO,, TiO,, CeO,, SiO,, ZrO,, and
other metal-oxides were used for glucose biosensors [14]. A
nonenzymatic metal-oxide glucose sensor provides cost-
effective and direct glucose detection.

Further research was aimed at developing a technology
that does not need a mediator to obtain a reagent-free glucose
sensor. The ‘third generation’ of such sensors is based on the
direct electron transfer between the enzyme and the electrode
without the use of usually toxic artificial mediators. The main
advantage is high selectivity, since the working potential is
identical to that of the enzyme and is therefore less prone to
any interference [4, 11, 12].

Recently, devices based on the direct electrooxidation of
glucose have been proposed as a possible ‘fourth generation’
of sensors, which mainly use noble metals as a catalyst to
overcome the limitations posed by conventional enzymatic
glucose sensors [15]. Gold and platinum nanoparticles,
graphene, graphene oxide and composites based on them,

and other carbon materials are used as catalysts [16-23].
Although the goal is to detect glucose in a complex sample
matrix (tears, saliva, sweat, and urine), the calibration curve
has in most cases been measured in an electrochemical cell
using glucose solutions (i.e., alternative conditions).

Below, we will mainly consider third- and fourth-genera-
tion noninvasive sensors and glucose-sensing devices that
offer a more or less complete set of measurements, from
real-time detection to analysis and data transfer to a portable
device (for example, a smartphone). For such devices, sweat is
the most attractive liquid for analysis. Sweat, in addition to
water, includes many constituents, such as oxygen, glucose,
insulin, glucagon, cortisol, lactate, adrenaline and alcohol
(ethyl), and metal ions (sodium, potassium) [24, 25]. It is
known that the concentration of glucose in sweat is approxi-
mately an order of magnitude lower than that of glucose in
blood [14, 23]. However, the development of wearable sweat
sensors has stalled at the experimental and laboratory stages,
mainly due to an incomplete understanding of the dynamics
of sweat composition and the physiological information
contained in sweat. Taking advantage of flexible and hybrid
electronics, wearable sweat sensors address this limitation by
enabling on-site sweat analysis with real-time feedback,
creating opportunities for prevention, timely diagnosis, and
treatment.

Figure 4 presents a chart showing the division of glucose
measurement methods into two groups: methods that require
the use of special equipment (left half of the chart) and cannot
be done at home, and personalized medicine methods. For the
methods of the first group, it is necessary to note a higher
reliability of measurements and a wide range of optical
techniques [26-31]. But even if simplified specialized equip-



490 1V Antonova, A I Ivanov

Physics— Uspekhi 67 (5)

* Methods of glucose
% detection

| (DD N
A g ﬁp é“é o &
T % o s
o %) 1)
. O ©% RE N e — -
o] Y2 @
oS t0, 2l i & e
S8 O, Cal N =
53 3 ey, by, N\ =)
g0 2 /IJ/(O Sy =3
o= 5 <
S8 Electromagnetic a
22O
oS g
~ 3 =
Sis Polarimetry =, i ;
= O O. &
= Polanzed bsht () ;
S%  aa < oty o ¢
= v AP D nd
. O (&
é\@\ N OTesce
o ac\‘oo
& B EmEE
e Noied mEEE
). I
EEEE

Figure 4. Diagram showing the division of methods for measuring glucose
into two groups: on the left, those that require the use of special equipment
and are suitable for use in healthcare facilities; on the right, methods for
individual use.

ment is developed, these techniques can only be used in health
facilities. This review is devoted to the second group of
sensors and at-home techniques.

Wearable glucose sensors for personalized diabetes
management are considered to be the ones that lack strict
evidence that their signal is proportional specifically and only
to glucose content in the blood. Such evidence is most likely
impossible to obtain, since we are dealing with a human body
which is a very complex and multifactorial system. However,
if certain monitoring rules are followed and calibration curves
are used, as a rule, an individual can fairly reliably assess their
condition using data from wearable sensors. Many studies
test the response of sensors to glucose solutions in electro-
chemical cells, and a calibration curve is subsequently used to
estimate the glucose content. Let us consider various
approaches currently being developed for analyzing glucose
(Fig. 4), primarily in sweat and other fluids, as well as
methods for transmitting information from the sensor.

2. Optical methods for glucose monitoring

This section will briefly review some of the methods based on
the optical response of the sensor: photoluminescence,
fluorescence, and surface enhanced Raman scattering
(SERS). Approaches such as SERS are highly sensitive but
require special equipment. As a result, they fundamentally
cannot be brought to the point of testing blood glucose levels
using noninvasive at-home methods.

Recently, glucose detection using sensors based on the
boric acid molecule and its derivatives have been developed as
an alternative to conventional methods. Thus, Alizadeh et al.
[24] have recently proposed an optical sensor using fluor-
escent boron-doped carbon nanoparticles for glucose detec-
tion that can be monitored with a smartphone. Glucose
selectively leads to aggregation of carbon nanoparticles
based on the covalent binding of glucose and boric acid,
resulting in a linear increase in fluorescence with increasing
glucose concentration (a quantum yield of 46%). The general
operation scheme is illustrated in Fig. 5, which shows the use
of a synthesized probe with carbon nanoparticles for
detecting glucose by photoluminescence intensity. Its varia-
tions are monitored by the smartphone camera, and the green

channel intensities of the color images are processed using the
RGB option of the smartphone. Thus, the method holds great
promise as a convenient practical platform for quantifying
glucose levels in a serum sample. Carbon nanoparticles are
shown to have a linear photoluminescence intensity response
range from 32 pM to 2 mM with a detection limit of 8 pM for
measuring glucose in diluted serum [24].

Othman et al. [32] used a similar approach, implementing
a single-step synthesis of boronic acid using 3-thiophenyl-
boronic acid as the starting material, which effectively
interacts with the « electrons of the carbon dot. The chemical
sensor for this study was developed using a single-step
procedure for doping carbon dots with boron and sulfur
(Fig. 6), which ensures effective interaction with glucose
[32, 33]. When glucose is added, dipole interaction causes
aggregation of carbon dots and fluorescence quenching. The
synthesis procedure used requires fewer details and is more
efficient from a production point of view, with a quantum
yield 0of 22.6%. The ability to measure glucose concentrations
in the range from 1 to 250 uM with a detection limit of
0.57 pM was demonstrated. Fluorescence nanoparticles with
boronic acid had excellent selectivity and strongly resisted
interference from several other biomolecules (competing
saccharides, etc.) that exhibited high selectivity for glucose.
The method was demonstrated in vivo using human saliva
[34]. This approach does not require expensive enzymes or
complex surface modification techniques. The developed
sensor is highly sensitive to the level of glucose in saliva.

Surface enhanced Raman scattering is extremely sensi-
tive due to signal amplification and the specific manifesta-
tions of the molecules of interest. The main SERS-based
achievements are presented in reviews [32-36]. As is known,
SERS demonstrates the ability to detect various pathogenic
bacteria [37], identify fungal diseases [38], and monitor
biomarkers of cancer [39] and COVID-19 viruses [40].
Direct SERS-based detection of glucose has been difficult
due to the poor adsorption of glucose on metals and the
low cross section of glucose. To date, four main approaches
have been developed for SERS-based glucose detection,
namely, the SERS active platform (increasing the glucose
adsorption cross section through additional surface treat-
ment), a partition layer functionalized surface, boronic
acid-based sensors, and enzymatic reaction-based biosen-
sors (see Fig. 7 from review [34] for examples of these four
approaches; see also [41-44]).

To date, most analytical methods or SERS sensors have
been limited to research laboratories, because there are still a
number of problems associated with quantitative analysis,
stability, and reproducibility. Note that all of the above
problems are inherent to varying degrees in all approaches
being developed, whether optical, chemical, or physicochem-
ical. In addition, it is important to eliminate noisy and weak
signals through data processing, machine learning, and signal
combinations [45, 46]. The SERS intensity depends on
structural features and fluctuations. Reliability determined
by sensor design, careful sample preparation, control of
measurement conditions, and adequate data analysis is
another challenge that needs to be addressed, and not just
for this method.

In general, optical methods can provide higher reliability
and unambiguous interpretation compared to wearable
glucose sensors. With further improvements, SERS-based
glucose sensors through portable Raman scattering-based
sensing platforms may hold promise for future use for



May 2024 Wearable noninvasive glucose sensors based on graphene and other carbon materials 491

P e ey 550 |- = b
/ ggregation-induced emission . 900 |- ,T 450 1 -_.l‘
: A \ 2 wisof X
| © E 800 ol &
. . | = 7 & = 279.91x+508.59
i % . g 700 150 o K0
. . > \ 50 1 1
: ! 2600 |- \ —175 —075 025
| Glucose : z log Cyucose
: l 2500
| : ‘o
. | 2 400
| D8
! | 5 300
| . £ 20
: | 2
) Strong : 2 100
. photo- ] A |
\ luminescence ,* 0 -
et emiiemm i mmc s mm i mm e mme s mes 470 520 570 620 670
Wavelength, nm
260
Cco , & m x [|° d
240
Touched Color.#f179a23 i
[R, G, B]=[23, 154, 35] 220 - i
[H, S, V] [125, 85, 60] 200 L
2 180 | E3 y—73 621x + 212.07
£ R? =0.9931
E 160 ;
. 7 140 |
120 - i
oo ¥
80 | | | |
—1.75 —1.25 —-0.75 -0.25 0.25 0.75

10g Cglucose

Figure 5. (a) Schematic illustration of fluorometric determination of glucose based on aggregation-induced emission (AIE). (b) Fluorescence responses of
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painless glucose monitoring in diabetic patients in healthcare  colorimetric and fluorescent visualization of the obtained

facilities. result.
He et al. [47, 94] demonstrated a set of flexible wearable
3. Colorimetric, fluorescent, sensors for measuring pH, sodium chloride, glucose, and

calcium, which, in combination with superhydrophobic
reservoirs for sweat storage and colorimetric biosensors,
Recently, much effort has been invested in the expansion enable sweat collection and biodetection using a mobile
of various approaches to biosensor analysis, including phone. Figure 8 shows (a) calibration curves with the

and microfluidic biosensors
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corresponding colored dots above, (b) determination of the
colorimetric sensor color change, and (c) images of biosensor
matrices. A miniaturized thin plasmonic metasurface with
uniformly arranged mushroom-shaped particles was
designed and integrated into a microfluidics platform,
resulting in SERS. Compared with conventional wearable
platforms, the microfluidic SERS system allows sweat to be
analyzed with high temporal resolution, providing up-to-date
SERS analysis. A portable and customized Raman analyzer
with a human-friendly machine interface is suitable for
portable recognition of spectroscopic biomarkers in sweat
and holds promise for personalized medicine. An advantage
of this approach is clear visualization of the signal and,
accordingly, the absence of the need for data transmission.
Wearable colorimetric sweat sensors offer access to visual
perception by observing the color depth/absorbance/fluores-
cence caused by the chromogenic reaction between the
indicator and glucose or other test substances.

Koh et al. [48] reported a type of soft, wearable,
microfluidic device that can directly and reliably collect
sweat from pores on the skin surface. The device collects
sweat into various channels and reservoirs for multi-para-
metric determination of biomarkers of interest [total water
loss (sweat) and concentrations of lactate, glucose, creatinine,
chloride ions, and pH], with options for wireless interfaces to
external devices for image capture and analysis. The devices
can mount at multiple locations on the body without chemical
or physical irritation by use of biocompatible adhesives and
soft device mechanics, including flexible and stretchable
sensors, and watertight interfaces. These devices measure
total sweat loss, pH, lactate, sodium chloride, and glucose
concentrations by colorimetric detection using near-field
communication (NFC) electronics for wireless data transmis-
sion. An NFC module (~ 0.1 g) supports both wireless power
delivery and short-range (10 cm) data transfer to any
consumer device such as a smartphone, tablet, or smart

watch. Tests included two human trials: a controlled,
indoor, mild sweat-inducing study, and a ‘real-world,” out-
door-use study conducted during a long-distance bicycling
race [48]. Polydimethylsiloxane (PDMS), used as the basis of
the structure, is attractive for this application, including
optical transparency, ease of patterning into microfluidic
systems, biocompatibility, flexibility, and high elasticity
(~ 200% strain at break). Glucose concentration is analyzed
by an enzymatic reaction of glucose oxidase physically
immobilized in a cellulose matrix. During the reaction,
glucose oxidase produces hydrogen peroxide, associated
with the oxidation of glucose and a reduction in oxygen.
After this reaction, iodide oxidizes to iodine by peroxidase,
resulting in a change of color from yellow (iodide) to brown
(iodine) to an extent defined by the glucose concentration.
Note that glucose concentration in sweat is usually an order
of magnitude lower than in plasma; the range of sensitivity in
the described devices allows hyperglycemia to be diagnosed.
Xiao et al. [49] reported a microfluidic chip-based
wearable colorimetric sensor for detecting sweat glucose.
The device consists of five microfluidic channels branching
out from the center and connected to microdetection
chambers (Fig. 9). The microchannels route the sweat
excreted from the skin into the microchambers, and each
one is integrated with a check valve to avoid the risk of
backflow of chemicals from the microchamber. The micro-
chambers contain pre-embedded glucose oxidase (GOx)-
peroxidase—o-dianisidine reagents for sensing glucose in
sweat. It was found that the color change caused by the
enzymatic oxidation of o-dianisidine may exhibit a more
sensitive response to glucose than the conventional GOx—
peroxidase system. These sensors can perform five parallel
detections at a time (humidity, pH, potassium, sodium, and
glucose). The resulting linear range for sweat glucose was 0.1—
0.5 mM with a detection limit of 0.03 mM. The sensor was
used to determine the glucose content in sweat samples for a
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group of subjects. The results showed that this wearable
colorimetric sensor could detect subtle differences existing in
the sweat glucose concentration [49].

A solution containing glucose can cause a color change in
the microchamber through the catalytic reaction shown in
Fig. 9e. Glucose oxidizes by GOx in combination with oxygen
reduction and the formation of H,O,. Then, the resulting
H,O, oxidizes colorless o-dianisidine to form red oxidized
o-dianisidine. Figure 9f shows the color change of the micro-
chamber in response to glucose. The presence of glucose
was found to impart a red color to the GOx—peroxidase—
o-dianisidine system, in which the color increased in propor-
tion to increasing glucose concentration. The color change is
visible to the naked eye even at a glucose concentration of
only 0.1 mM. In comparison with the GOx—peroxidase—KI
system, the color change (from I~ to I;) upon glucose
administration was difficult to detect at glucose concentra-
tions less than 0.3 mM. This is consistent with previous
reports that the GOx—peroxidase—KI system could detect
glucose concentrations higher than 0.2 mM [50, 51]. The low
sensitivity of the KI system may be due to the reducing
property of iodine, which easily oxidizes when exposed to
oxygen. Thus, compared with the GOx—peroxidase—KI
system, the GOx—peroxidase—dianisidine system is more
suitable for the detection of glucose in low concentrations,
such as sweat glucose.

Bandodkar et al. [52] reported a hybrid, two-component,
battery-free, skin-interfaced system for detecting sweat
parameters. The system includes a disposable, soft, micro-
fluidic network and a thin reusable NFC electronic module. A
component view of the overall construction of each of these
subsystems is shown in Fig. 10a. A flexible silicone elastomer
was used to pattern a set of chambers, channels, and valves for
colorimetric sweat sensing. The adhesive layer ensures not

only robust attachment to the skin but also a sweat route in
the bottom side of the microfluidic structure. The soft flexible
construction as shown in Fig. 10b allows comfortable water-
tight mounting on curved regions of the body.

Figure 10c shows an electronic module that exploits a
detachable, bilayer, flexible, printed circuit board (diameter,
18 mm, thickness, ~ 0.5 mm) with a minimum number of
components for real-time data acquisition from biofuel cell-
based lactate and glucose sensors (diameter, 32 mm; thick-
ness, ~ 1 mm). Estimates show that this platform (~ 1 g) is
almost 20 times lighter in weight and four times smaller in size
of sensor systems based on battery-powered Bluetooth radios
[53, 54].

Electrochemical biofuel cell-based glucose sensors have
the following design. The anode consists of a circularly cut
carbon nanotube (CNT) or graphene paper that provides a
conductive large-surface area substrate to immobilize the
GOx enzyme and to shuttle electrons between the enzyme’s
active sites and the conductive electrode. Often, to prevent
sensor saturation and expand the detection limit into the
physiological range, a diffusion barrier (a film of porous
material, such as Nafion) is used. Side effects of such a barrier
include reduced sensor sensitivity and increased response
time. A chitosan and polyvinyl chloride (PVC) membrane
covers the anode to minimize leaching of the mediator and
enzyme and to extend the linear detection range of the sensor.
The cathode consists of a functionalized platinum-coated
gold current collector and a Nafion protective membrane.
The platinum black acts as a catalyst for oxygen reduction
and the Nafion membrane prevents leaching of the platinum
black. The fluoride backbone of the Nafion polymer facil-
itates adsorption of dissolved oxygen on the cathode surface,
thereby improving the kinetic rate of oxygen reduction. A
resistor connected across the sensor transforms the current
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borders [55].

into a voltage-based signal for detection and wireless
transmission via NFC electronics. The output voltage of
biofuel cell-based sensors increases linearly with increasing
load. However, at higher loads, the response time also
increases. Therefore, the selection of external load resistance
for glucose sensors is based on the need to generate a voltage
signal in the range of 0 to 1 V (measuring range for the NFC
chip).

The advantage of the presented system is the ease with
which it can be worn. In addition, the developed microfluidic
structure allows working with sweat samples without cross-
talk between different sensors. The design of a biofuel cell
includes a voltage amplifier with a certain load on the sensing
element, implemented using a small operational amplifier and
miniature passive components. The circuit processes the
signal for digitization in the built-in NFC chip. Analog
electronics are reliable, with minimal susceptibility to
external interference associated with NFC electronics and
supply voltage fluctuations [52].

Cui et al. [55] reported noninvasive and visual monitoring
of sweat glucose using a wearable skin pad based on a
fluorescent active layer (CQDs@PSi). A CQDs@PSi layer
includes carbon quantum dots (CQDs) and luminescent
porous silicon (PSi) particles. To improve glucose detection
sensitivity, the PSi surface is modified using bimetallic
nanoparticles (BiM) of gold and silver nanoparticles, thereby
enhancing the fluorescence intensity triggered by hydrogen
peroxide (H,O,). The wearable skin pad can be fabricated by
combined immobilization of newly prepared BiM-
CQDs@PSi and glucose oxidase (GOX) in a transparent and
biocompatible chitosan film supported by an adhesive
polyurethane membrane. Due to the interaction of the
components, the blue fluorescence of the CQD is quenched,
and the red fluorescence from the PSi first appears on the
sensor. When the skin pad is attached to the body, the amount

of H,O; increases due to the GOx-catalyzed oxidation of
glucose, which promotes the oxidation of PSi. This leads to
the decay of PSi fluorescence and the recovery of CQD
fluorescence, making the color change from red to blue. The
process is shown schematically in Fig. 10a. In addition, the
kinetics of changes in the fluorescence (red-blue) is propor-
tional to the concentration of sweat glucose (Fig. 10b). Using
photos taken with a smartphone, a simple data processing
algorithm was developed and clinical tests with regard to
diabetics and healthy volunteers were implemented. The
described noninvasive visual system for monitoring sweat
glucose clearly indicates hyperglycemia [55].

Recent technological advances in wearable sensors have
made it easier to detect sweat components. A critical bottle-
neck for sweat analysis is achieving uniform high-throughput
fabrication of sweat sensor components, including the
microfluidic chip and sensing electrodes. Nyein et al. [56]
presented microfluidic sensors mass-produced via roll-to-roll
printing processes. Figure 11 shows printed structures that
can be attached to different parts of human skin using a
patch. The patch allows sweat to be captured within a spiral
microfluidic system for real-time measurement of sweat
parameters, including Na™, K™, and glucose, and identifica-
tion of relationships between sweat parameters and blood
glucose dynamics in healthy people and people with diabetes.
By providing a comprehensive analysis of sweat, the pre-
sented device is an important tool in progressing towards
personalized point-of-care health and fitness monitoring.

The patch shown in Fig. 11c measures total admittance
between parallel spiral silver electrodes contained in a
microfluidic channel. As the fluid flows along the channel,
admittance between the two electrodes increases due to
increasing conductivity, creating a relationship between
admittance and the encapsulated fluid volume. The sweat
sensing patch presented here allows for immediate and
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Figure 11. Schematics of fabricated sweat sensing patches for sweat analysis. (a) Roll-to-roll rotary screen printing of a wearable biosensing patch and
(b) optical image of sensing electrode patterns attached to human body. (c) Assembled biosensing patch with electrochemical sensors contained within the
collection reservoir, and with an electrical sweat rate sensor embedded in the microfluidic channel. Biosensor patch is assembled by combining a sensing
layer, a microfluidic adhesive spacer, and a PET cover sheet. (d, e) Characteristics of glucose sensors and relationship between fluid volume contained in
the microfluidic channel and admittance measured across Ag sweat rate electrodes in 15 to 120 mM NacCl solutions. (f, g) Average levels of sweat glucose
and average sweat glucose secretion rate versus blood glucose of 20 healthy and 28 diabetic subjects [56].

accurate glucose measurements from sweat analysis, making
it possible to investigate precise basal sweat-to-blood glucose
correlations. For each subject, studies were conducted on the
rate of sweat response to blood glucose changes. The glucose
sensor response time was about a minute after the sensor
surface was covered with sweat, which occurs within a few
minutes after the onset of sweating. Figure 11g shows the
result of comparing the mean sweat glucose concentration
with the blood glucose level in all subjects. Overall, there is
significant variability in the data, indicating that sweat
glucose concentrations obtained using sweat storage (sweat
is first accumulated in a ~ 2.5 pL reservoir and then travels
within a spiral microfluidic channel) do not reliably predict
blood glucose levels.

4. Using antennas for glucose detection

The authors of Refs [57-62] proposed a new and highly
sensitive noninvasive wearable multisensing system for
continuous glycemic monitoring using electromagnetic sen-
sors. Electromagnetic sensors are typically metallic or
graphene devices [50] designed for radiating or receiving
electromagnetic waves. The glucose level can be determined
using the S parameters of electromagnetic waves transmitted
by sensors (S is the wave reflection coefficient, and Sy is the
input-output wave transmission coefficient) [57-59]. The
sensing system measures variations in glucose levels based
on complex changes in the permittivity along the signal path.
Thus, the permittivity of blood can change significantly with
changes in blood glucose. The sensing system proposed, for
example, by Saha et al. [57] uses two mutually directed
microstrip patch antennas operating at 60 GHz, which are

placed across interrogated samples. The measured transmis-
sion coefficient depends on the change in permittivity along
the signal path, which includes blood vessels. In test solutions,
the system demonstrated a good correlation between the
change in reflection coefficient of the S»; wave and the
glucose level (a S,y shift of 0.25 dB corresponded to a glucose
level of 5.5 mM). In human experiments, the authors reported
a good correlation between changes in the S, parameter and
glucose levels in only 20% of participants, which was
explained by the high sensitivity of the system to slight hand
movements during measurements.

Figure 12 shows the results of testing the reflection
coefficient of the S|, wave of flexible electromagnetic sensors
from [58]. The system is composed of two sensors: a multi-
band slot antenna and a multiband rejection filter (Figs 12a
and 12b). The proposed sensors operate in the UHF and
microwave ranges from 500 MHz to 3 GHz. This frequency
range allows veins and arteries to be reached through layers of
skin, muscle, and fat tissue, while maintaining good sensitiv-
ity.

The antennas proposed by the authors mimic the
vasculature anatomy. It was shown that, by concentrating
electromagnetic waves directly on the blood network, it was
possible to attain a higher sensitivity of the sensors. In
addition, the proposed antennas were designed for a load
corresponding to a human hand. This approach is superior to
traditional antenna designs, which suffer from strong reflec-
tion of incident waves when placed in contact with the human
body at the air—skin interface. Matching the antenna to the
human body is of utmost importance. The ability to
customize the filter is an important aspect, adding another
degree of freedom to the design and allowing the sensor
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level for a slot antenna and a filter [58]. FBS — fetal bovine serum.

system to be further tailored to better accommodate specific
individual characteristics. As a proof of concept, the proto-
type is designed to mimic the blood network in two different
locations: the hand and the arm (Fig. 12b). The designed
antenna is integrated as part of a wearable glove which senses
the vasculature of the hand, and the filter is integrated into the
arm band. This incorporation of sensing components in
multiple locations enables higher accuracy and faster respon-
siveness in monitoring blood sugar levels. As a result, this
work shows a good correlation between changes in reflection
coefficient S and sugar levels for all subjects.

Omer et al. [63] presented a new design of a portable
planar microwave sensor for fast, accurate, and noninvasive
monitoring of blood glucose levels. The sensor design
includes four hexagonal-shaped complementary slit ring
resonators (CSRRs) etched to a depth of 35 um in a
honeycomb-like copper dielectric substrate (Fig. 13). The
CSRR sensing elements are coupled via a planar microstrip-
line to a radar board operating in the 2.4-2.5 GHz frequency
range. The sensor’s high sensitivity is attributed to the
advanced design of the CSRR sensing elements, which
expose glucose samples to intense interaction with electro-
magnetic fields concentrated around the sensing region at
induced resonances. This feature allows the developed sensor
to detect extremely subtle variations in the electromagnetic
properties that characterize varying-level glucose samples.
The desired performance of the fabricated sensor is practi-
cally validated through in vitro measurements using a
convenient setup of a vector network analyzer (VNA) that
records a noticeable frequency shift when the sensor is loaded
with samples with 70-120 mg dl=' (3.9-6.7 mM) glucose
concentrations. The use of the radar demonstrates the
dependence of the signal on glucose levels. Additionally,
differences in sensor responses for the tested glucose samples
are quantified by applying the principal component analysis
machine learning algorithm. The proposed sensor has other
attractive characteristics, including compact size, ease of

manufacture, affordable cost, nonionizing nature of expo-
sure, and minimal health risk, making the proposed sensor a
possible candidate for noninvasive glucose monitoring in
diabetes, as evidenced by preliminary results from an in vivo
experiment of monitoring human blood sugar levels by
placing a fingertip on the sensor. The presented system is a
developmental platform toward radar-driven wearable sen-
SOTS.

5. Sweat-based glucose sensors

Wearable glucose sensors enable the monitoring of various
body fluids, such as sweat [64], saliva [65], and tears [66].
However, more and more researchers are inclined to rely on
sweat analysis. Sweat consists of 98% water, and the
remaining 2% contains about 250 chemical compounds.
They are organic components (glucose, lactate, cholesterol,
amino acids, etc.) and substances that are formed during the
breakdown of proteins, such as lactic acid, urea, ammonia,
creatinine, and products of mineral metabolism (phosphates,
potassium chloride, calcium salts, and Na™ and K™ ions).
Since the skin is negatively charged, it has selective perme-
ability to positive ions, neutral molecules, and especially polar
molecules [67, 68]. Continued innovation to develop new
signal readout techniques is necessary to enable selective
component testing and the development of reliable wearable
sweat sensors [69].

Research papers examining wearable sweat glucose
sensors are more common than those devoted to detection
of other body fluids [70—74], because sweat is more accessible
and less painful to use. Despite all these advantages, there are
some disadvantages/challenges in using wearable sweat
glucose sensors. Without sweat stimulation, sampling
throughout the day will be irregular [75] and sample
production rates will be extremely low [76]. A method to
overcome these problems is to increase the sensitivity of the
sweat glucose sensor so that the volume of fluid samples
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frequency for tested glucose samples of various concentrations [63].

required for glucose detection can be reduced. To increase
sensitivity, researchers try to use thinner, more sensitive layers
of 2D materials so that the size of the sweat glucose sensors is
reduced.

Karpova et al. [77] proposed diabetes monitoring through
continuous analysis of undiluted sweat immediately after its
excretion using a flow-through glucose biosensor. The
biosensors in question are based on Prussian blue and
glucose oxidase immobilized in siloxane gel. A peculiarity of
Prussian blue is that it is sensitive to hydrogen peroxide and
can be used to effectively convert a chemical signal propor-
tional to the amount of hydrogen peroxide into an electrical
signal. The composite in use makes it possible to effectively
replace a less stable substance in the sensor structure—
enzyme pyroxidase. Thus, the combination of Prussian blue
and glucose oxidase leads to an enhanced response of the
sensor to glucose due to the higher biocatalytic activity of the
composite. The calibration range is from 1 pM to 1 mM (flow
regime). A correlation is shown between the rates of glucose
concentration increase in blood and in noninvasively col-
lected sweat. The dynamics of glucose concentration in sweat,
recorded using the proposed biosensor, is in good agreement
with the dynamics of blood glucose without a time delay,

which opens up prospects for noninvasive monitoring of
diabetes. However, this sensor requires sweat stimulation,
which significantly limits its application.

The main trend in the development of wearable glucose
sensors is the increasing use of inorganic materials such as
graphene and metallic nanoparticles [78-85]. In this case,
sensing layers, as a rule, have a much smaller thickness and
greater sensitivity, which makes them promising for the
development of wearable glucose sensors. As a result, so-
called resistive or electrochemical sensors have recently been
actively developed. Electrochemical sensors are widely used
to analyze sweat by converting target contents into currents
or potential signals on the miniature and activated electrode
surfaces. Such sensors are characterized by high sensitivity
and selectivity, while the electrodes can also have a flexible
design of various shapes and sizes. Each glucose detection
method has its own advantages and disadvantages.

Paper-based substrates are one of the optimal base
materials for wearable glucose sensors, and there are many
developments on wearable filter paper-based glucose sensors
(e.g., [69, 70, 86, 87]). Zhang et al. [87] developed an
inexpensive and convenient wearable filter sensor for deter-
mining sweat glucose levels. A gold/multiwalled carbon
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nanotube (MWCNT) and glucose dehydrogenase electrode
was used to monitor sweat glucose levels. The use of gold and
Prussian blue indicating electrodes allowed users to monitor
color changes (visualization of the interaction of Prussian blue
with glucose) as an indication of glucose levels. As a result,
there was no need for other tools, reducing the weight and cost
of the sensor. Sempionatto et al. [88] demonstrated a fast and
reliable approach that combines a touch-based fingertip sweat
electrochemical sensor (PVA gel with GOX on a filter) and a
simple testing protocol that leverages the fast sweat rate on the
fingertip for rapid assays of natural perspiration, without any
sweat stimulation, along with personalized sweat response-to-
blood glucose concentration translation.

Wearable sensors are often made in the form of an
electrochemical sensor with modified electrodes on a porous
base impregnated with various gels (Fig. 14) or organic
material, usually including glucose oxidase. The sweat
collected by such a substance changes that substance’s
conductivity due to chemical reactions. The resulting ampero-
metric characteristic is used to analyze the composition of the
sweat and, in particular, to determine the glucose concentra-
tion.

Skin activity and the ability to control perspiration create
important conditions for the operation of wearable sensors.
Graphene electronic tattoos or sensing structures applied to
the surface of a flexible substrate and glued to the skin are
ideal for the implementation of wearable sensors [88]. It
should be noted that flexible sensors designed as filamentary
serpentines are known to demonstrate significantly greater
stability without fracture or delamination [89, 90].

Wearable sensor technologies are of great importance for
the implementation of personalized healthcare through
continuous monitoring of human health. Human sweat is
rich in physiological information and enables noninvasive
monitoring. Previously, noninvasive biosensors were
described that can only monitor one substance during
measurements or that lack in-situ signal processing circuitry
and sensor calibration mechanisms for accurate analysis of
physiological states [47, 91-94]. Given the complexity of
sweat secretion, simultaneous and comprehensive screening
of a series of biomarkers is critical and requires full system
integration to ensure accurate measurements. Bandodkar
et al. [91] reported a mechanically flexible and fully inte-
grated sensor array for comprehensive in situ sweat analysis,
simultaneously detecting sweat constituents such as glucose
and lactate, sodium and potassium ions, and skin tempera-
ture to calibrate the sensor response. Figure 15 shows a

general view of a set of sensors for monitoring glucose,
lactose, K™ and Na™ ions. The glucose sensor was made by
applying a drop of a glucose solution of oxidase/chitosan/
carbon nanotubes to a Prussian blue/Au electrode. The
transceiver provides wireless data transmission to a Blue-
tooth-enabled mobile phone using a specially designed
application containing a convenient interface for sharing
data via email, SMS, etc. or uploading data to cloud servers.

Thus, Gao et al. [93] merged five different plastic-based
sensors with conventional commercially available integrated
circuit components (more than ten chips) not only to measure
the output signal of the sensor array but also to obtain an
accurate estimate by processing and transmitting signals
about the physiological state of the subjects. The developed
sensor bridges the technological gaps among signal conver-
sion, amplification, and filtering, as well as processing and
wireless transmission in wearable biosensors. Merging plas-
tic-based sensors that interface with the skin with silicon
integrated circuits on a flexible printed circuit board allows
complex signal processing. Overall, this platform enables a
wide range of personalized diagnostic and physiological
monitoring applications.

Lee et al. [95] presented a wearable/disposable sweat-
based glucose monitoring device with a feedback multistage
transdermal drug delivery module. Careful multilayer patch
design and miniaturization of sensors improve the efficiency
of sweat collection and the sensing process. Multimodal
glucose sensing using glucose oxidase, as well as its real-time
correction based on pH, temperature, and humidity measure-
ments, maximizes the accuracy of the sensing. A porous
sweat-uptake layer is placed on Nafion and sensors. Figure 16
shows images of two variants of disposable wearable devices
on different substrates for monitoring sweat and detecting
glucose concentration. Reducing the size of the sensors leads
to a decrease in the required amount of sweat. The sensors are
calibrated using an electrochemical cell. When analyzing the
measurement results, the concentration of glucose in the
blood is assumed to be an order of magnitude higher than in
sweat (see, for example, Refs [14, 23]).

Pu et al. [96] reported a thermal activated and differential
self-calibrated flexible epidermal biomicrofluidic (extraction
of intercellular fluid) device for wearable accurate blood
glucose monitoring. They proposed an Na' sensor and a
correction model to eliminate the effect of individual
differences that lead to fluctuations in the amount of
interstitial fluid extraction. An electrochemical sensor
(Fig. 17) with a three-dimensional nanostructured working
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cell phone and uploaded to cloud servers [93].

electrode surface was designed to enable precise in situ glucose
measurement. The fabrication of a biomicrofluidic device,
including the formation of flexible electrodes, nanomaterial
modification, and enzyme immobilization, was fully realized
by inkjet printing to enable simple and low-cost production.
As can be seen from Fig. 17b, the use of graphene and
platinum nanoparticles significantly enhanced sensor sensi-
tivity. Measurements of H,O; solutions using sensors demon-
strated linear dependences of the current on the concentration
of peroxide in the solution. Next, layers of Prussian blue and
GOx were also printed on the surface of the electrode for
glucose analysis. As shown in Fig. 17, the linear range of
glucose measurements obtained with the fabricated sensor is
from 0 to 400 mg dI~! (0-22 mM), and the detection limit is
0.52 mg dI~!' (0.03 mM). The selectivity of the sensor was
assessed by adding different substances (dopamine, ascorbic
acid, and uric acid) to the glucose solution, which hardly
changed the current value. Heating from 20°C to 37°C
increased the sensor current by approximately 2.5 times and
reduced the time of a single measurement.

Chang et al. [97] demonstrated a highly integrated watch
for noninvasive continuous glucose monitoring. The watch
employs a Nafion-coated flexible electrochemical patch fixed

on a watchband, as shown in Fig. 18. Glucose molecules are
detected by two sensors, eliciting a current response that is
converted to a voltage signal, amplified, processed, and
transmitted to an LED screen. The testing method is simple,
making continuous blood glucose monitoring practical and
painless. All electronic modules, including a rechargeable
power supply and other modules for signal processing and
wireless transmission, are integrated onto a watch-face-sized
printed circuit board. Blood glucose levels are displayed in
real time on the LED screen of the watch and can also be
checked using a smartphone user interface.

Chitosan-based composites are believed to have superior
mechanical strength, good biocompatibility and biodegrad-
ability, remarkable electronic properties, and promising
synergistic properties, which greatly enhance their potential
for biological applications such as disease diagnosis,
biomarker discovery, and drug delivery [98—100]. Biosensors
composed of ultrathin single-walled carbon nanotubes and
chitosan have demonstrated improved performance in in situ
sweat analysis [49]. Wang et al. [101] used chitosan modified
with reduced graphene oxide (CS@rGO) as a chemiresistor
sensor to detect diabetes-related acetone vapors. The authors
showed the sensor’s high sensitivity even with significant
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concentration. (a) Optical camera images and (bottom) schematic of wearable sweat monitoring patch. A porous sweat-uptake layer is placed on a Nafion
layer and sensors. (b) Optical image of wearable sweat analysis patch under deformation. Inset shows enlarged image of porous sweat uptake layer.
(c) Enlarged image of glucose sensor and its calibration curve obtained during electrochemical characterization with known concentration.

(d) Calibration curves of glucose sensor at different temperatures [47, 95].

bending, which makes it promising for portable, wearable, or
even implantable sensors. The structures presented in Fig. 19
showed good sensitivity specifically to acetone.

Since the sensitivity of an electrochemical biosensor
depends on catalytic activity, two-dimensional graphene-like
nanomaterials and functionalized graphene are currently the
best choice for the latest generation of highly sensitive glucose
sensors due to their unique electronic properties [102—105]. As
the size decreases, atoms at the corners and edges of
nanostructures of different shapes and geometries exhibit
different catalytic characteristics, depending on the electro-
nic properties of the corresponding crystallographic surfaces
[105]. The electrocatalytic activity of nitrogen-doped gra-
phene can be tuned to reduce H,O, and initiate fast forward
electron transfer kinetics in GOx, which holds promise for
detecting glucose, even at very low concentrations [104—106].

Thus, a nanocomposite film consisting of functionalized
graphene with platinum and GOx-chitosan demonstrates a
detection limit of ~ 0.6 uM of glucose [107]. Various
biosensors based on nanomaterials such as carbon nano-
tubes, graphene, and nanofibers have also been implemented
for glucose sensing applications [108—114].

Shavelkina et al. [115] and Antonova et al. [116] reported
the use of a graphene composite with PEDOT:PSS and
ethylene glycol in 2D printing technology for fabricating an
inkjet-printed flexible sensor using ordinary office paper. The
high conductivity of the composite made it possible to use a
thin (approximately 10 nm) layer, the resistance of which can
decrease by up to 6 orders of magnitude when the sensor is
worn on the skin (Fig. 20). The time needed for a significant
change in current when the sensor was worn on the skin was
estimated (Fig. 20c). After removing the sensor from the skin,
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Figure 18. (a) Overall design of a watch for noninvasive continual glucose monitoring. (b) Diagram of printed circuit board (PCB) in the watch showing
each functional module: 1 —constant current source, 2— A/D differential module, 3 — microcontroller, 4— bluetooth module, and 5— power supply.
(c) Structure of flexible glucose sensor patch for sweat (interstitial fluid) analysis; PI — polyimide film [97].

the signal began to decrease and return to the initial (zero)
value 5 to 15 min later (Fig. 20b). The sensor was calibrated
for a specific subject, and it or other sensors with the same
active layer thickness could be used to measure the glucose
level of that subject (Fig. 20d). The response of the sensor was
tested after its removal from the hand by measuring its
resistance. It should be noted that the sensor made use of
thin (thickness from a monolayer to 5 layers) graphene
particles synthesized in plasma. In general, this sensor differs
from many others in its simplicity of design, the low cost of its
fabrication, and the option of reusing the same sensor. An
increase in the thickness of the working layer of the sensor
leads to a sharp decrease in the sensitivity and selectivity of
the sensor.

Panigrahi et al. [107] theoretically examined the potential
of a porous nitrogenated graphene (C,N) monolayer-based
glucose sensor to detect glucose molecules by employing van
der Waals interactions (Fig. 21). The binding energy turned

out to be quite high: —0.93 (—1.31) eV for glucose in the gas
phase (aqueous medium); i.e., adsorption of molecules is
enhanced in an aqueous environment. The analysis showed
that glucose binds to graphene through physisorption and the
C,N monolayer transfers charge to the glucose molecules.
Adsorption of glucose molecules on a C,N monolayer
increases the work function compared to pristine C;N
(3.54 eV) by approximately 2.00 eV. Overall, the distinctive
properties of graphene-based nanostructures and nitroge-
nated graphene can be indexed as promising identifiers for
glucose sensors using novel nonenzymatic materials for
noninvasive blood sugar diagnostics.

Sempionatto et al. [114] presented the first example of a
fully integrated eyeglass-based wireless multiplex chemical
sensing platform capable of real-time monitoring of sweat
components. A new wearable eyeglass-based platform of
chemical sensors was realized by integrating potentiometric
and amperometric sensors onto the nose bridge pads of the
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glasses and interfacing them to a wireless electronic backbone
placed on the temples of the glasses (Fig. 22b). This fully
integrated wireless multiplex ‘lab on glass’ biosensing plat-
form can be easily expanded to simultaneously monitor a
large number of sweat components. These electrochemical
sensors were screen printed using custom-designed stencils.
The three-electrode sensor patterns and contacts were printed
on a polyethylene terephthalate (PET) substrate, used as a
replacement sticker on the nose pad via double-sided adhesive
tape, as shown in Fig. 22a. These easy-to-remove sensor
stickers allow the user to select the target for monitoring.
Electrochemical nasal pad sensors with a schematic of a
potassium sensor (left) and a lactate or glucose sensor (right)
are shown in Fig. 22¢. Electronic circuitry on the temples of
the glasses controls the amperometric and potentiometric
transducers and enables wireless data transfer via Bluetooth
to the host device. In this way, the lab-on-glass platform can
be customized to suit the specific needs of a user.

6. Smart contact lenses for glucose monitoring

Recently, glucose levels in tears have attracted much
attention in wearable point-of-care glucose sensors [118—
121]. It has been confirmed that the glucose concentration in
tears correlates with blood glucose levels [122]. In addition,
wearing contact lenses is currently one of the most popular
methods of vision correction. As a result, smart contact
lenses capable of collecting tears and monitoring the glucose
level in tears have become a sought-after wearable device

[123—125]. Ruan et al. [125] reported the fabrication of a
gelated colloidal crystal attached lens for monitoring tear
glucose. This new glucose-responsive sensor consisted of a
crystalline colloidal array (CCA) embedded in hydrogel
matrix, attached onto a rigid gas permeable (RGP) contact
lens. Alternations of the tear glucose concentration between
0 and 50 mM resulted in diffraction of visible light by the
sensing contact lens and a wavelength shift from 567 to
468 nm, respectively, thereby leading to a visible color
change from reddish yellow to blue. This new point-of-care
sensor demonstrated a low detection limit of 0.05 mM, and
its combination with a contact lens endowed it with excellent
portability and biocompatibility.

Guo et al. [126] developed a multifunctional smart
contact lens based on MoS, transistors. The PDMS lens
substrate contained an MoS, transistor-based serpentine
mesh glucose sensor for monitoring glucose levels directly
from the tear fluid, a photodetector for receiving optical
information, and an Au-based temperature sensor for
diagnosing potential corneal diseases. This serpentine
mesh structure allowed the sensor to maintain direct
contact with tears and be mounted directly onto the
contact lenses, making it highly sensitive while not
interfering with blinking. Moreover, tests revealed the
successful biocompatibility of the lens, thus making it
promising as a next-generation soft wearable device.

Keum et al. [127] demonstrated a smart contact lens
device built on a polymer with excellent biocompatibility.
This point-of-care device contained ultra-thin flexible
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electronic circuits and a microcontroller chip for tear glucose
sensing, drug delivery, data communication, and wireless
power management. Contact lens-detected glucose concen-
trations in tears were shown to correlate with blood glucose
levels, allowing the drug delivery to treat diabetic complica-
tions. This work pioneered the development of contact lenses
capable of biometric analysis in combination with drug
delivery, paving the way for personal point-of-care devices
and devices with a simultaneous combination of diagnostics
and subsequent therapy.

The sensor must be highly permeable to oxygen and water
to be compatible with wearable soft contact lenses. Addition-
ally, since wiring the device is impractical, both powering and

communication of the sensor response must be done wire-
lessly. Figure 23a [128] shows a schematic of a device on a soft
contact lens in which graphene-silver nanowire (AgNW)
composite electrodes and a graphene channel are lithographi-
cally deposited on an ultrathin parylene substrate (~500 nm
thick). Parylene was chosen as a substrate over other plastic
materials due to its intraocular biocompatibility and mechan-
ical superiority such as strength and stretchability. Also, its
high transparency and pinhole-free conformal deposition
make it a suitable substrate for electrical components of the
contact lens.

All components of the device are transparent, with a
barely visible spiral antenna, and conformally wrap the
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curved surface of the contact lens (radius of curvature,
~1.4 cm; lens thickness, ~0.85 mm). The sensor can be
modeled as an electrical resonant RLC circuit, comprising
the resistance (R) of the graphene channel, the inductance
(L) of the antenna coil made of a graphene—AgNW hybrid
material, and the capacitance (C) of source/drain graphene—
AgNW electrodes. Wireless operation can be achieved by
mutually coupling the sensor with an external antenna, as
shown in Fig. 23b. These circuits are connected via an
electromagnetic field, which can be characterized by a
coupling coefficient [129, 130]. At varied glucose concentra-
tions, a reflection value Sj; of the wireless sensor was
measured at a resonant frequency of 4.1 GHz (Fig. 23c).
The reflection increased at higher glucose concentrations,
caused by reduced resistance of graphene upon glucose

binding. The sensor responds specifically to glucose, even
in the presence of interfering substances (50 mM of ascorbic
acid, 10 mM of lactate, and 10 mM of uric acid) in the tears.
Figure 23d shows a live rabbit with a contact lens sensor for
in vivo recording. For the in vivo test, a contact lens was
placed in the rabbit’s eye; the rabbit was given about 3 hours
to recover from stress and then fed. Taking into account the
delayed increase in blood glucose after the food intake, the
reflection (S7;) was measured after 5 h of the rabbit wearing
the lens, or ~ 2 h after feeding. The rabbit showed no signs
of abnormal behavior and the sensor remained stable during
repeated eye-blinks. After 5 h, the contact lens sensor
determined the rabbit’s glucose concentration; the data
from the sensor were obtained wirelessly while the rabbit
was wearing the lens. As shown in Fig. 21e, the contact lens
device still functioned and exhibited higher reflection than
the value before wearing, presumably due to glucose
binding. The sensing platform integrated onto the contact
lens enables wireless and real-time monitoring of tear
glucose levels and does not require finger pricking [128].

Another option for a contact lens is shown in Fig. 24 [124].
A rectifier, LED, glucose sensor, and antenna are the circuit
elements on the contact lens. Glucose oxidase is immobilized
on the surface of the graphene channel. The smart contact
lens wirelessly transfers electrical power to the lens through
the antenna, which activates the LED and the glucose sensor.
The LED (indicator) turns off once the detected glucose level
exceeds the normal limit. The signal receiver is placed at a
distance of 10 mm from the contact lens to collect the signal
from the antenna. An RF transmitter and a thin-film
rechargeable battery are integrated with the contact lens.
The system was tested in vitro to detect glucose levels in the
range of 3-25 mg dI~!' (0.17-1.4 mM) and showed a linear
response.

The most significant challenge for tear glucose sensors is
the power supply. Because the human eye is sensitive, the
power supply must be weak, and the external power supply
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Figure 23. Contact lens sensor for wireless detection of glucose. (a) Schematic illustration of transparent glucose sensor on a contact lens. (b) Schematic of
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operation of the smart contact lens system [124].

used in most scientific research nowadays will cause a great
deal of discomfort to the user.

7. Comparative analysis
of the wearable sensor responses

One of the important parameters of wearable sensors is their
sensitivity, defined as the current generated in the sensor
device normalized to the sensor area and glucose being
detected. The table shows the sensitivity for a number of
sensors using carbon materials (graphene, reduced graphene
oxide, carbon nanotubes, and carbon nano-onions) [132—
145]. The electrochemical sensitivity of common materials
used for wearable sensors is usually determined in solutions
with a known glucose concentration, i.e., at the initial stage of

development of a wearable sensor. One can see from the table
that the sensitivity varies widely depending on the specific
design of the working electrode. Thus, a fairly high sensitivity
value of the ZnO/CNO electrode is associated with the
oxidation of glucose on the electrode due to the high catalytic
activity of ZnO and the high electrical conductivity of carbon
nano-onions (CNOs) [133]. The use of weakly conductive
graphene oxide in [142, 143] led to low sensitivity of the
electrode, despite the presence of ZnO and GOx in it.

High sensitivity was obtained to develop a nonenzymatic
glucose sensor with an active nitrogen-doped CuO/carbon
nanotube (CuO-CN) layer [145]. Chitosan was used to
prepare a nanostructured carbon material doped with nitro-
gen, and the method for its preparation is described in more
detail in [146]. A possible mechanism of direct electrochemical

Table. Comparison of sensitivity and range of linear dependence of a signal on glucose concentration and other parameters of wearable carbon-based

sensors.
Active layer of the sensor Sensitivity, tA mM~! cm~2 Linear range, mM Potential, V Ref.
NiO-CuO/CFME 70 0.001-0.57 0.6 [131]
(graphene fibers)
CuO/CN 1546 0.05-1.0 0.6 [132]
ZnO/CNO 606 0.1-15 15 [133]
CuNPs/rGO/SPCE 172 0.10-12.5 0.8 [134]
SWCNTs/Cu,0/ZnO NPs/G 466 0.6-11.1 0.8 [135]
NH,; — G/Cu;(btc), NP 54 0.05~ 1.8 0.8 [136]
Pt:G/hydrogel/GOx 37 0.006-0.7 0.4 [137]
N-G airgel-CuO 223 0.01-6.7 0.4 [138]
GOx/Zn0/Cu;0/GO 0.06 0.01-2 0.8 [139]
Cuw,0/rGO 285 0.3-3.3 0.8 [140]
CuNPs/G 607 0.005-1.4 0.5 [141]
CuO NP/G 1360 0.002-4 0.6 [142]
GOx/Zn0/GO 19 0.02-6.2 0.8 [143]
PtAuNP/ rGO/GOx 48 0.001-2.4 0.4-0.7 [144]
MWCNT - Au@NiO@CuO 1637 0.001-5.6 0.4 [145]

CFME — Carbon Fiber MicroElectrode, CN — nitrogen-doped carbon nanocomposite, CNO — Carbon Nano-Onion, SPCE — Screen-Printed

Carbon Electrode, and NP—nanoparticle.
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oxidation of glucose can be described by the reactions
Cu(Il) = Cu(IIl) + e~
Cu(IIT) 4 glucose = Cu(II) + gluconolactone (2)
gluconolactone — gluconic acid .

Initially, Cu(Il) electrochemically oxidizes to Cu(III). The
reaction between Cu(III) and glucose leads to the oxidation of
glucose to gluconolactone, and Cu(IIl) is reduced to Cu(II).
Finally, gluconolactone is converted to gluconic acid through
hydrolysis. This mechanism is typical of the indirect oxidation
of glucose not only with the participation of copper but also
with other metals (Pt, Au, ZnO, etc.) and nanostructured
carbon (graphene, carbon tubes, etc.), as described pre-
viously, for example, in [142, 147, 148]. In addition, carbon
materials, having good conductivity, ensure a quick response
of the sensor to changes in the glucose level. A successful
combination of components led to a high sensitivity of
sensors (see Refs [135, 141, 142, 145)).

8. Long-term glucose monitoring

A graphene fiber fabric assembled by wet-fused graphene
fibers provides superior electrical performance and mechan-
ical properties, as well as fluid permeation paths, demonstrat-
ing great potential for electrochemical glucose monitoring
(Fig. 25) [149]. This fabric as a sensor patch ensures good air
permeability, which is necessary for comfortable, long-term
wearing of the sensor but has rarely been addressed.
Graphene decorated with Prussian blue exhibits a high
electrochemical sensitivity to hydrogen peroxide
(7298 pA mM~! cm~2). After being modified by glucose
oxidase and chitosan, it provides high selectivity, but lower
electrochemical sensitivity to glucose (1540 pA mM~! cm—2
in the sweat glucose concentration range of 2-220 uM and
948 A mM~!' cm~2 in the concentration range of 220-
650 uM). High sensitivity is most likely due to the relatively
high conductivity (electron mobility) in the working layer of
the sensor.

The low density of electrochemically active defects in
graphene synthesized by chemical vapor deposition limits its
use in biosensors. However, graphene doped with gold and
combined with a gold mesh has improved electrochemical
activity compared to pristine graphene, sufficient to form a
sensor for sweat-based glucose monitoring (Fig. 26) [150].
The stretchable device features a serpentine bilayer of gold
mesh and gold-doped graphene, forming an efficient electro-
chemical interface for stable transmission of electrical signals.
The patch consists of a heater; temperature, humidity,
glucose, and pH sensors; and polymer microneedles that can
be thermally activated to deliver drugs.

Oh et al. [151] used layer-by-layer deposition of carbon
nanotubes (CNTs) on top of patterned Au nanosheets
(AuNSs) prepared by filtration onto stretchable substrates
to fabricate a sensor electrode. For glucose detection and pH
measurement, CoW4/CNT and polyaniline/CNT compo-
sites, respectively, were further coated onto the CNT-AuNS
electrodes. The sensor demonstrated a high sensitivity of
10.9 pA mM~! cm~2 for glucose, with mechanical stability
of up to 30% stretching and temporal stability for 10 days
(Fig. 27).

Zhu et al. [152] reported highly sensitive and reproducible
long-term continuous nonenzymatic glucose monitoring in
vivo. The process is based on the electrocatalytic reaction of
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Figure 25. (a) Images of a sensing patch on a volunteer’s wrist and
(b) enlarged view of the sensor and iontophoretic anode. (c) SEM image
of sensing graphene oxide fiber fabric. (d) Results of glucose monitoring in
5-h period by using a finger-prick glucometer (red) and the sensing patch
(blue) [149].
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Figure 27. (a) Photo of electrochemical sensor attached to the skin.
(b) Change in glucose concentration and pH measured by sensor attached
to skin along with different activities of meal intake (green line) and
running (purple line) for 10 h. All data were calibrated with temperature-
dependent sensitivity at 30°C [151].

water splitting in the presence of Pd nanoparticles encapsu-
lated in a cobalt-based zeolite imidazolate framework
[Co(Pd@ZIF-67)]. Carbon paste with Pd@ZIF-67 is pre-
pared and screen-printed onto a flexible PET substrate as the
working electrode. A multistage potential is applied to the
electrode, including a high negative potential for pretreat-
ment, which produces a local alkaline condition through a
water splitting reaction. The high negative potential step
results in the production of the hydroxyde ion from water
on the surface of the working electrode via the reaction

2H,0 +2¢ 22 H, + 20H. (3)

Note that Pd nanoparticles encapsulated in the metal—
organic framework [Co(mim),(OH)], serve to prevent the
formation of hydrogen bubbles in order to ensure the
accuracy of the subsequent quantitative assay of glucose due
to reactions similar to reactions (2) by converting
[Co(IIT)(mim),(OH)], to [Co(IV)(mim),(OH)],, followed by
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Figure 28. (a) Photograph of Pd@ZIF-67-based nonenzymatic glucose
sensor system integrated into a sweatband. (b) Photograph of the sensing
system on the sweatband. (¢) Monitoring of glucose concentration in
sweat and blood of a human within 10 days. Error bars represent standard
deviations for three replicated measurements [152].

oxidation of glucose. Finally, a positive potential is applied to
clean and regenerate the electrode for the next assay. A fully
integrated sweatband with a sensor is designed for real-time
analysis of sweat glucose during physical exercise. The long-
term stability and robustness of the sensor are also evaluated.

A sensing system comprising an electrochemical sensor
and a flexible printed circuit board (FPCB) with Bluetooth
connectivity to an Android-based smartphone application
was fabricated and integrated into a sweatband for wearable
sensing (Fig. 28). Before on-body tests, the sensor was
calibrated using liquid chromatography. Volunteers testing
the sensors in the laboratory were asked to wear the
sweatband and ride a bicycle, and after a testing time
(Fig. 28), the result was displayed on the smartphone screen.
Monitoring data for sweat and blood glucose levels over
10 days are presented in Fig. 28c (blood glucose was measured
using a glucometer). Tests on days 3, 5, and 8 were
intentionally performed 2 h after meals. Sweat glucose
concentration (left y-axis) obtained using the developed
sensor correlated well with blood glucose concentration
(right y-axis). For the case of physical activity, the coeffi-
cient, which is the ratio of the concentration of glucose in
sweat to the concentration of glucose in the blood, is about
0.2. In addition, glucose in the sweat sample was analyzed
using chromatography. The average relative error was 19.7%.

An interesting version of a continuous sweat sensor was
proposed by Daboss et al. [153], who used nanoparticles with
a diameter of ~ 50 nm with a Prussian blue core (35-37 nm)
and a shell of nickel hexacyanoferrate nanoferrates. The shell
was designed to stabilize particles and increase the service life
of Prussian blue nanoparticles as a catalyst for the reaction
with hydrogen peroxide. The authors showed that the
sensitivity of the sensor decreases with increasing nanoparti-
cle size. This sensor was a flow-through multibiosensor
(similar to that in [77]) for the simultaneous assay of glucose
and lactate, which allows hypoxia and glycemia to be
noninvasively continuously monitored.

9. Conclusions and development prospects

We have discussed the main approaches and the most
interesting examples from a wide range of proposed wearable
sensors developed in the last decade. Note that many different
sensors are being developed, each having its own advantages
and disadvantages. The emergence of new and the develop-
ment of existing noninvasive sensors will depend on advances
in simple, inexpensive, and effective sensors and their
integration with transmitting and receiving electronics,
allowing medical point-of-care devices to be tailored to an
individual patient’s requirements.

The most advanced sensors are based on the enzyme
glucose oxidase or its analogues. However, such structures
are more complex (consisting of several layers, including a
porous protective layer), require stimulation of sweat excre-
tion, are more expensive and, as a rule, are disposable.
Enzymes can be replaced by metal nanoparticles, but their
use has not yet been sufficiently developed. Sensors based on
patterned carbon materials (graphene, carbon quantum dots,
carbon tubes, and nano-onions) often excel at providing a
good response, but at the same time they are much less
studied. As with fermented electrodes, glucose is assumed to
oxidize, although this issue requires further research.

While throughout the world there are a plethora of
research groups involved in the development of noninvasive
glucose sensors, they are few in number in Russia. A group
under the leadership of A A Karyakin (see papers [77, 153])
from Lomonosov Moscow State University has been working
on this topic for a long time. Recently, a group headed by
I V Antonova (see papers [115, 116]) from the Rzhanov
Institute of Semiconductor Physics, Siberian Branch of the
Russian Academy of Sciences (Novosibirsk) has joined the
efforts in this field.

In general, the prospect of designing noninvasive glucose
sensors is extremely in demand in modern society. It is
especially important that such systems be reliable, simple,
and cheap, i.e., available for daily at-home glucose monitor-
ing. Currently, other versions of noninvasive sensors in the
form of ‘watches’ already exist, and are expected to appear on
the market (see Fig. 18 and, for example, [97]). It is worth
noting that currently available smartwatch glucometers
cannot be used for medical purposes, as the measurement of
blood glucose levels have not been proven to be accurate,
especially levels higher than 9, as indicated in the user’s
manual for the GLE-04 watch model. Then there is the issue
of the cost of the sensors. The development of cheap sensors
remains extremely relevant. Moreover, it is necessary to
distinguish between household glucose sensors, for which
the most important parameters are accessibility (low cost)
and simplicity, and medical sensors, when accuracy and
reliability come to the fore.
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